We have recently proposed an optical method for assessing heart structure that uses polarized light measurement of birefringence as an indicator of tissue anisotropy. The highly aligned nature of healthy cardiac muscle tissue has a detectable effect on the polarization of light, resulting in a measurable phase shift ("retardance"). When this organized tissue structure is perturbed, for example after cardiac infarction (heart attack), scar tissue containing disorganized collagen is formed, causing a decrease in the measured retardance values. However, these are dependent not only on tissue anisotropy, but also on the angle between the tissue's optical anisotropy direction and the beam interrogating the sample. To remove this experimental ambiguity, we present a method that interrogates the sample at two different incident beam angles, thus yielding enough information to uniquely determine the true magnitude and orientation of the tissue optical anisotropy. We use an infarcted porcine heart model to compare these polarimetryderived anisotropy metrics with those obtained with diffusion tensor magnetic resonance imaging (DT-MRI). The latter yields the anisotropy and the direction of tissue water diffusivity, providing an independent measure of tissue anisotropy. The optical and MR results are thus directly compared in a common ex vivo biological model of interest, yielding reasonable agreement but also highlighting some technique-specific differences.
Introduction
Cardiovascular disease is a major cause of death in the western world. Myocardial infarction (heart attack) in particular is associated with decreased contractile function, impaired ventricular function, and high mortality. During the healing process, the necrosis of cardiomyocytes is followed by scar formation and tissue remodeling, as the double-spiral structure of the heart is perturbed and patches of non-contractile collagenous scar tissue replace the muscle in areas deprived of adequate blood supply. 1 Both these effects reduce the heart's functionality by interfering with its normal contractile function. 2, 3 Thus, knowledge of tissue composition and microstructural organization is important for assessing severity of injury.
Recently, we proposed a novel optical method of assessing myocardium structure after infarct, and after subsequent therapies based on stem-cellinduced regeneration, using polarized light measurement of linear retardance in birefringent tissue. 4 Historically, polarized light methodologies have not seen extensive use in biomedicine because of severe depolarizing effects caused by multiple scattering; nevertheless, some research on polarimetric tissue characterization has recently been reported, for instance in thermally damaged tissues, 5, 6 using various polarized light parameters (including birefringence, 7, 8 Stokes vectors, 9,10 and different rotationally invariant mathematical descriptions 11 ). In the context of this work, anisotropic materials exhibit different indices of refraction in different directions, resulting in different light propagation speeds; optical anisotropy also manifests itself as an accumulating phase shift (retardance) between different polarization components of light traversing the birefringent material. Thus, highly aligned tissues (such as muscle fibers), will exhibit high retardance, while more isotropic tissues (such as collagenous scar), will show a lower retardance, providing a way of assessing the small-scale structure and microarchitectural organization of tissue.
Our initial polarimetry studies in cardiac tissues 4,12 relied on sensitive measurements of tissue polarization parameters and post-processing based on Mueller matrix decomposition to separate out and quantify the effects of tissue birefringence. With this methodology, linear retardance measurements assessed structural damage and regeneration in infarcted and stem-cell treated rat hearts. 12 Linear retardance, δ, was used as a measure of birefringence, ∆n = n e − n o (n e and n o are the refractive indices along the extraordinary and ordinary axes respectively), as the two are proportional:
where d is the pathlength of photons and λ is the wavelength of light. It was found that linear retardance decreased following injury, with stem-cell treated hearts showing a less important decrease in retardance than untreated hearts. 12 This effect is not straightforward to interpret, however, as the derived retardance values are dependent on the angle between the tissue's optical axis (orientation of the extraordinary axis) and the beam interrogating the sample, 13 a decrease in retardance value could be caused by a true decrease in tissue anisotropy, or by an experimental artifact due to interrogation beam -optical axis effects. Because of this angular dependence, the apparent birefringence,
where n is the apparent index of refraction, depends on the direction of propagation of light with respect to the ordinary and extraordinary axes according to the following equation:
where γ c is the angle between the beam path and the extraordinary axis. 14 Thus, the apparent value of linear retardance δ app will be maximal (and reflect "true" sample birefringence) when the light is propagated perpendicular to the extraordinary axis, and will be null when the light propagates along the extraordinary axis (see Fig. 1 , where
In this manuscript, we thus propose a dual projection polarimetry method whereby a sample is imaged twice with different orientations of the probing beam, yielding sufficient information to reconstruct the true magnitude and orientation of the tissue anisotropy. The azimuthal angle θ (i.e., the projection of the optical axis in the plane perpendicular to the interrogating light beam, see Fig. 1 ) can be determined by the Mueller matrix decomposition algorithm described previously. 4, 15 By recording the apparent linear retardance δ app and azimuthal angle θ measured with two different beam geometries, we can reconstruct the true magnitude and orientation of tissue anisotropy. This yields intrinsic metrics of tissue micro-architecture, independent of experimental orientation effects. These metrics may be of particular interest in cardiology, as adverse remodeling of the heart following infarct causes loss of contractile function, 3 with partial recovery following regenerative treatments. 16 To compare and validate the tissue anisotropy magnitude and orientation obtained with polarimetry, we use diffusion-tensor magnetic resonance imaging (DT-MRI), a well-established method used to derive fiber directions as well as parameters like fractional anisotropy, FA. 17 It has been shown that DT-MRI can yield information about tissue smallscale structure by revealing anisotropy in the diffusivity of water in a tissue. This technique has been validated against histology. 18 Analogous to the discussion above, in the case of myocardial infarction, the site of injury (i.e., the scar) is characterized by a decrease in diffusion anisotropy, as the collagenous scar tissue replaces the highly fibrillar structure of cardiac muscle. 19, 20 Furthermore, the first eigenvector of the diffusion tensor (corresponding to the direction of the highest diffusion coefficient) is parallel to the direction of the fibers, thus directly revealing the axis of alignment of the muscle fibers. Thus, magnitude and direction of tissue anisotropy furnished by two independent methods, obtained from the same biological model of interest, can be directly compared. To further aid the comparison and data interpretation, we also provide corresponding histopathology (the gold standard method to assess tissue damage and scar extent) using the whole-mount technique developed by Clarke et al., 21 with further collagenspecific staining.
Thus, polarimetry and DT-MRI both report on tissue anisotropy, the former via optical refractive index properties, and the latter by water diffusion effects. In this paper, we present a comparison of both methods in an infarcted porcine heart. We first describe the biological model used for this study, and provide the details of the diffusion tensor MR imaging process. This is followed by the description of the polarimetry setup, decomposition method, image processing, and dual projection reconstruction method. We then present and compare the anisotropy magnitude and direction results as obtained by DT-MRI and polarimetry. Finally, we discuss the agreements and disagreements observed with the two methods, limitations of this work, and future directions.
Methods and Materials

Cardiac animal model and sample preparation
In this study, a porcine chronic infarct model was used. All surgical procedures were performed in accordance with Sunnybrook Research Institute (Toronto, Canada) regulations, under an approved EUA protocol. The infarction was created by 90 minute balloon occlusion of the left circumflex artery, followed by reperfusion (flow restoration). The animal was allowed to heal for six weeks, which generated a chronic infarct characterized by collagen deposition and formation of fibrous scar tissue, as well as an alteration of fiber architecture and anisotropy, as demonstrated later by histological assessment. The heart was excised and fixed in formalin, after which DT-MRI was performed. Finally, sections were taken from an axial slice in infarcted and non-infarcted regions of the left ventricular wall, and were sectioned to 400 µm thick slices in preparation for polarimetry assessment. Confirmatory histopathology was also performed: the wholemount samples were prepared as in Clarke et al. 21 and further were stained with Picrosirius Red.
Diffusion tensor imaging and analysis
The excised and fixed heart sample was imaged using a 1.5 Tesla Signa GE MR scanner (GE Healthcare, Milwaukee, WI). Prior to MR imaging studies, the whole heart was placed in a phantom box filled with Fluorinert, a fluorocarbon-based fluid which has negligible MR signal, for characterization of the fibers' fractional anisotropy. The diffusion-weighted imaging sequence is based on a 3D fast spin echo (FSE) sequence with diffusion gradients applied in seven directions, that allows calculation of diffusion tensor. 22 The following MR parameters were used: TE = 20-30 ms, TR = 700 ms, NEX = 1, b-value = 600, seven directions for diffusion gradients, with slice thickness = 1.5 mm, a FOV and matrix yielding an in-plane interpolated resolution of approximately 0.5 × 0.5 mm. Imaging time was approximately 10 hours. Fractional anisotropy (FA), a measure that describes the degree of anisotropy in the diffusion of water molecules along the myocardial fibers, is given by the following equation:
where λ 1,2,3 are the eigenvalues of the diffusion tensor, and λ is the mean diffusivity. 23 The FA has values between 0 (isotropic diffusion) and 1 (infinite anisotropy). At each voxel, the FA will give the relative degree of anisotropy, dominated by the largest component (largest eigenvalue of the diffusion tensor). In the case of a cylindrically symmetric anisotropic medium, such as myocardial fibers, λ 1 λ 2 = λ 3 and FA ≈ 1. The anisotropy maps (color-coded and/or black and white) were visualized in short axis MRI views with MedINRIA 24 and DTI-Studio 25 software.
Polarimetry imaging and analysis
Experimental polarimetry system
The experimental polarimetry system measures the polarization of the light after it has interacted with the sample. By finding the output polarization state for different input polarization states, the sample's polarization transfer function can be determined, in the form of a four-by-four Mueller matrix which contains information about the polarization properties of the sample. The polarization of a beam of light is represented with a four-element Stokes vector S = (I Q U V ) T . The element I represents the overall intensity of the beam, Q gives the intensity of linear polarization along horizontal and vertical axes, U gives the intensity of linear polarization at ±45 • , and V gives the intensity of light that is (right-and left-) circularly polarized. The Mueller matrix describes the effect of any optical element on the polarization of light: for a given initial polarization state S i , the polarization of light after interaction with the optical element with Mueller matrix M will be S o = M S i . The complexities inherent in Mueller matrix polarimetry, including the issues associated with unique parameter extraction from its 16 elements, are discussed in greater detail below. Figure 2 shows a schematic of the polarimetry imaging system used for this experiment. Light from a 635-nm diode laser (ThorLabs) is used, as tissue absorption is low at this wavelength. The polarization state of the incident light is controlled using a removable quarter-wave plate and a linear polarizer. The incident light beam is angled off axis (≈20 • ) in order to avoid directly transmitted light saturating the CCD (Photometrics CoolSnap K4). As the beam exits the sample, a removable quarter-wave plate and linear analyzer select a single polarization state of the outgoing light, which is finally detected with a CCD camera. While systems with dynamic polarization modulation and synchronous detection have been used previously to increase signal-tonoise ratio 15 (by using a photoelastic modulator to modulate the light polarization at a known frequency), a simpler setup was deemed sufficient for this study. Four input states (horizontal, vertical, +45 • , right-circularly polarized) and six output states (horizontal, vertical, ±45 • , right-and leftcircularly polarized light) were recorded for a total of 24 combinations per sample. The output Stokes parameters for each input state were measured from the detected intensities as
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where the subscripts indicate the output state being detected (as determined by the presence or absence of the quarter-wave plate, and the orientation of the analyzer). Finally, the 16 elements of the Mueller matrix were calculated as follows:
where the indices i and j denote the rows and columns respectively, and where the subscript corresponds to the input polarization state (as determined by the presence or absence of the quarter-wave plate, and the orientation of the polarizer).
This experimentally-determined Mueller matrix reflects the lumped description of simultaneously occurring complex processes such as depolarization, diattenuation, and retardance. 26, 27 As such, its 16 elements reflect a complex interplay of these processes, and unique interpretation of the results, including extraction and quantification of a particular process of interest, is highly problematic. In order to extract individual polarization effects, Mueller matrix decomposition was performed (more details in Sec. 2.3.2) to extract the sample's polarizing properties, including retardance. This process is repeated at each pixel (pixel size ≈ 40 µm × 40 µm).
In order to perform dual projection reconstruction, imaging was done twice for each sample: with the sample plane perpendicular to the outgoing beam, and with the sample plane rotated slightly by angle α (see Fig. 2 ). This angle must be small enough that (i) the photon pathlength through the sample is not changed significantly between the two projections, and (ii) the images recorded by the CCD are similar enough to be registered to one another, despite the slightly different camera perspectives.
Mueller matrix decomposition
A detailed description of the Mueller matrix decomposition that was used has been published elsewhere, 4,15 so only a brief overview of the relevant sections will be provided here. In turbid, optically active media, depolarization, linear and circular birefringence, and linear and circular dichroism can all be present and occur simultaneously, making interpretation of the Mueller matrix (which represents the lumped effect of all these interactions) non-trivial. It has been shown that, using a process known as Mueller matrix decomposition, the full Mueller matrix M can be decomposed into the product of three constituent matrices reflecting the three optical interactions, as follows:
where the effects of depolarization are described by the depolarizing matrix M ∆ , the effects of linear birefringence and optical activity (circular birefringence) are described by the retarder matrix M R , and the effects of linear and circular dichroism are described in the diattenuator matrix M D . 4, 28 While matrix multiplication is non-commutative [and thus the order in Eq. (7) is not unique], it has been shown that for weakly diattenuating turbid media such as most biological tissues, the extracted polarization parameters are approximately independent of the multiplication order of the constituent matrices. 29 The validity and accuracy of this approach in turbid media have been previously demonstrated with both polarization-sensitive Monte Carlo simulations and with experimental data. 4, 29 The measurable effect of birefringence, the (apparent) linear retardance value δ (or δ app ), is contained in the retarder matrix M R and can be calculated from its elements as 27
where m R (i, j) are the elements of M R . Obtaining the value of θ, the orientation of the projection of the optical axis in the plane perpendicular to the probing beam (see Fig. 1 ), requires that the matrix M R be further decomposed into M R = M LR M φ , in order to separate the effects of the linear retardance (contained in the matrix M LR ) from those of chirality (contained in the matrix M φ ). The orientation θ can be calculated from the elements of M LR as
If the light propagation distance d is known, the measured retardance δ can be used to calculate the sample birefringence [via Eq. (3)]. However this is not precisely known due to tissue scattering effects (although polarization-sensitive Monte Carlo simulations can be used to estimate the effective pathlength 30, 31 ), so in the current study we restrict ourselves to comparing retardance measurements in samples of uniform thickness (400 µm).
Image processing
Since the field of view of the polarimetry imaging system (≈1 cm × 1 cm) is smaller than the sample size (≈3 cm × 2 cm), images of multiple regions were merged to form a single image for each projection. The two different projections for each sample were then registered with one another by aligning the edges of the sample in each image, so that the two projections could be compared pixel-by-pixel.
Because retardance arises from a phase shift between two orthogonal polarization states, a phase wrap-around artifact appears when the phase shift reaches and exceeds a value of 180 • , introducing an ambiguity in the measurements. Thus, the maximal value that we can measure unambiguously is 180 • : as the phase shifts reaches and exceeds 180 • , the measured linear retardance value will peak and then decrease until no linear retardance is measured at all (when the real phase shift is of 360 • ), so that for example, a phase shift of 188 • will result in a measured linear retardance value of 172 • (see Fig. 3 ). While measured linear retardance values are a continuous function of phase shift, values of orientation are discontinuous at each multiple of 180 • : each multiple of 180 • introduces a sign error that changes the value of the orientation by 90 • . The spatial imaging information allows this discontinuous orientation effect to be exploited in order to significantly reduce the ambiguity due to phase wrap-around. Changes in orientation of 90 • over a distance of a single pixel are highly unphysical, and therefore can be used as a marker of phase wrap-around artifact, by creating a dividing line of pixels between two regions when a linear retardance multiple of 180 • is reached. From the expectation that linear retardance should drop at the very edges of the sample (where certain photons have decreased pathlength, resulting in lower retardance values), it can be determined which side of this dividing line of pixels is wrapped-around. This extends the range of unambiguous measurements of linear retardance to 360 • .
Dual projection reconstruction
As seen in Eq. (3), the apparent linear retardance is not only a function of the birefringence, but will vary experimentally depending on the angle between the probing beam and the optical axis of the material. In order to negate this experimental effect and derive true tissue anisotropy (its magnitude and direction), the optical axis of the material was determined and was then used to find an orientation-independent measure of anisotropy. For the purpose of this study, we will call this measure of the "maximum linear retardance", δ , as it corresponds to the value of linear retardance which would be measured through a slice of equal thickness and birefringence if the optical axis were perpendicular to the probing light beam; that is, the value of δ app = δ in the case where ∆n app = ∆n [see Eq. (3)]. As the samples presented here are all of a uniform thickness, the maximum linear retardance δ can be compared between samples, and is directly proportional to the (true, not apparent) birefringence.
To achieve this, the sample was imaged twice with different orientations of the sample with respect to the probing beam: with the sample perpendicular to the beam (α = 0 • , see Fig. 2 ) and with the sample rotated by α = 12 • . The known behavior of the apparent refractive index [from Eq. (3)] was used to find the single optical axis consistent with both sets of measurements, yielding the magnitude and direction of tissue anisotropy. Finally, the images and coordinate system were rotated to correspond to the coordinate system of the DT-MRI images to facilitate optical -MR comparison. Figure 4 shows the two sections used for polarimetry imaging, the corresponding axial section of the DT-MRI data, and the corresponding histology sections. The first section (from the antero-lateral portion of the ventricle) is remote from the site of infarct; the second section (from the posterior portion of the ventricle, within the left circumflex artery territory) is located in the region of the infarct. The histology section shows very little collagen presence (stained red with Picrosirius Red) in the region corresponding to the healthy section, and a large quantity of collagen present in the area from the infarcted section, as expected from the formation of a collagenous scar. performed, yielding a true magnitude and a 3D orientation of anisotropy for every pixel. Note that this method carries the implicit assumption that the tissue orientation is uniaxial and uniform over the thickness of the sample (400 µm). Figures 6 and 7 show the axis of anisotropy and maximal linear retardance δ for the healthy and infarct regions respectively. The anisotropy orientation results are presented in a color-coded display where all directions refer to the axis of the heart: red corresponds to the lateral component of the orientation; green corresponds to the anterior-to-posterior component; and blue corresponds to the superior-to-inferior component. The axis of anisotropy in the healthy region is consistent with the expected double-spiral structure of the heart: the fibers are aligned circumferentially and horizontally (with respect to the heart's axis) in the middle of the ventricular wall, and progressively shift to a more vertical orientation towards the endocardium (and to a lesser extent also towards the epicardium). This is roughly consistent with normal (uninfarcted) myocardial structure. wrap-around artifact is accounted for.) In contrast to healthy cardiac tissue, the axis of anisotropy in the infarct region shows high variations in orientation, especially toward the endocardium, and does not reflect the healthy double-spiral structure. This suggests severe disruption of the tissue architecture.
Results and Discussion
The maximum linear retardance value lies between 100 • and 200 • for most of this region, with rapid variations on a small scale, while slightly higher values of around 300 • are observed closer to the outside wall. This is consistent with previous cardiac birefringence results that have shown a decrease in tissue anisotropy as healthy cardiac muscle is replaced with infarcted tissue. 12, 15 The two derived polarimetry metrics can be compared directly to DT-MRI results for the axis and degree of anisotropy. Figure 8(a) shows the diffusion tensor image, a color-coded map of the orientation of the primary eigenvector of the diffusion tensor, which is indicative of the direction of highest diffusion, with the same color-coding as Figs. 6(a) and 7(a). Once again, the orientation reflects the expected double-spiral pattern of heart muscle fibers in the healthy region (circumferential near the center of the ventricular wall, and oblique closer to the endocardium), and reveals perturbed orientation in the infarct region. Furthermore, though this is less obvious than in Fig. 7 , the infarct region shows higher variations in anisotropy axis orientation than the healthy region, which is consistent with the formation of a heterogeneous scar and the disruption of the myocardial architecture. Comparison of the DT-MRI orientation image with the polarimetry images [Figs. 6(a) and 7(a)] shows that both methods yield highly consistent axis orientations for the healthy as well as the infarcted regions, with polarimetry having a higher resolution than the DT-MRI image. Fig. 7(b) shows that the region of decreased FA corresponds well with the region of low maximum linear retardance. The infarct region is also characterized by high spatial variation of the linear retardance value. These abrupt changes in anisotropy value were on a scale too small to be observed on the FA image. Unexpectedly, the linear retardance of the healthy region also shows a slowly increasing value of linear retardance from the outer to the inner wall. This is in contrast with the FA image, which shows a uniformly high value in the healthy regions. The tissue composition in this region is expected to be uniform, which should have yielded a uniform value of maximum linear retardance. The most likely explanation for this deviation from expected behavior is an error due to the near-parallel orientation of the probing light beam with respect to the tissue anisotropy axis: in this geometry, the apparent linear retardance will be very small [see Eq. (3)]. Under these conditions, the noise component of the apparent linear retardance can easily be larger than the real signal, leading to large errors in the reconstructed magnitude of the linear retardance, an effect which had been observed in preliminary tests of the dual projection method using a plastic material of known anisotropy axis. This explanation is supported by the fact that values of abnormally high maximum linear retardance (≥600 • ) almost exclusively correspond to areas in which the anisotropy axis is along the superior-to-inferior heart axis in both the healthy and the infarct sample [see Figs. 6(a) and 7(a) ], corresponding to areas where the anisotropy axis would have been almost parallel to the probing beam for one or both of the sample positions.
The comparison of polarimetry and DT-MRI for assessment of myocardial tissue anisotropy shows that both methods yield similar results while having different advantages and disadvantages. Polarimetry is superior in terms of resolution, with features on the order of ≈300 µm being clearly distinguishable on both the anisotropy axis and the maximum linear retardance images; it also requires a relatively simple experimental apparatus. However, polarimetry has a limited depth of penetration (as some degree of polarization retention is necessary for accurate parameter extraction, limiting the distance that light can travel through depolarizing tissues) and, as used here, has no depth resolution (the signal at each pixel comes from the entire thickness of the section). Note that depth-resolved polarimetry measurements could be achieved with a polarization-sensitive optical coherence tomography (PS-OCT) system; the depthresolution would then circumvent the problem of averaging together optical effects of different tissue layers of potentially different birefringence and orientation. Finally, polarimetry could in principle be used in vivo, for example using a fiberbased PS-OCT system, though many challenges (for instance, those related to limited light penetration and to cardiac wall motion) remain to be addressed. 35 Diffusion tensor MRI, on the other hand, has the significant advantage of allowing visualization of the whole heart architecture. Furthermore, DT-MRI can be used non-invasively: while the imaging in this study was done ex vivo, DT-MRI can also be performed in vivo, 19 albeit with much lower resolutions. The very high resolutions that can be achieved with ex vivo imaging require very long scan times (10 hours), while the length of in vivo scan times is limited due to the duration of a breath-hold, and to the necessity to gate for cardiac motion.
Despite differences in technique and interrogation volume, polarimetry and diffusion tensor MRI show very good agreement for the axis of anisotropy. The magnitude results also show good concordance in most healthy and infarcted regions, except in areas where the anisotropy axis was almost parallel to the probing beam during polarimetry imaging. In these areas, the values of maximum linear retardance are overestimated, highlighting a weakness of the dual projection reconstruction in cases when the optical axis of the tissue is nearly aligned with the probing light beam. Knowledge of this limitation, however, means that it can be accounted for by rejecting the reconstructed values of maximum linear retardance for pixels whose anisotropy axis orientation is too near the probing beam orientation. Alternatively, it may be possible to improve the accuracy of the reconstruction algorithm by relying on the empirically measured behavior of the apparent linear retardance (in the presence of noise) for different anisotropy axis orientations, instead of the theoretical behavior given by Eq. (3).
Conclusion
Comparison of polarimetry with diffusion tensor MRI has verified that reconstructed values of maximum linear retardance and anisotropy axis orientation are generally accurate reflections of tissue anisotropy and axis, and has highlighted a limitation of polarimetry in certain sample geometries. This underscores the potential of polarimetry as a useful indicator of tissue micro-structure, especially in cases where very high resolution is required. In particular, it can provide a useful complement to information derived from histology or microscopy when tissue sectioning is an option. Additionally, the fact that polarimetry is an optical, and therefore, non-destructive method, means that it can be an attractive candidate for non-invasive assessment of injury after myocardial infarct: while the samples in this study were fixed and sectioned (as transmission results through thin sections are the most straightforward to obtain and interpret), similar results could conceivably be achieved in vivo without damaging tissue. Further study will be required to determine how different geometry (backscatter instead of transmission) and sample preparation (non-fixed, bulk tissue) will affect linear retardance measurements in infarcted myocardium.
